Introduction: Nano-technologies have become one of the main driving forces for advanced nano-sensor development, especially in DNA detection, which finds wide application in forensic science and biomedicine. In these two application areas, conventional DNA micro-array testing uses an optical method [1] , which is both expensive and complex to implement. The current trend of DNA testing employs an electrical readout method such as capacitance [2] and resistance detection [3] . These sensors that use electrical readouts exhibit potential for high sensitivity and selectivity in DNA detection down to the sub-picomolar region. In this Letter, we present the nano-sensor micro-array [4] that is being used for DNA detection. The sensor was fabricated in house and has an array of 10 Â 10 sense sites. Each sense site is formed by interdigitated gold electrodes with a gap of 0.5 mm fabricated on SiO 2 /Si substrate using a lift-off process. A monolayer of peptide nucleic acid (PNA) capture probes was immobilised in the gaps of the sensor via silane chemistry. The interaction of the PNA with a complementary target nucleic acid forms a heteroduplex, bringing the target nucleic acid onto the sensor surface. A subsequent incubation resulted in the formation of conductive polymer nanowires alongside the target nucleic acid molecules. Conductive polymer is used to label the DNA as opposed to nano-particles. The conductive polymer used in this work is polyaniline (PAn) nanowires [5] , which is a doped polymer. Since the hybridised nucleic acid can be used as a template for the formation of conductive polymer, it provides a simpler procedure when compared to the nano-particle labelling method. The conductive polymer labelling method also provides higher sensitivity without the need of post amplification (silver enhancement) found in the nano-particle labelling method. An interesting result found in the conductive polymer method is the formation of sensor capacitance (in the range of picofarad to nanofarad) in parallel with the sensor resistance across the nanogap sensor. Thus, a difference in nucleic acid concentration not only causes a change in resistance but also a change in capacitance.
Architecture and circuit implementation: A few techniques for sensing resistance are available and some of these techniques are presented in [6] and [7] . The resistance to phase converter in [6] consists of a voltage-tocurrent converter followed by a delay circuit. It can be implemented in CMOS but it is limited to megaohm detection owing to sub-microampere current of a CMOS current reference. The resistance to period converter in [7] uses the charge integrator method to realise a traditional oscillator. This method is able to detect resistance up to gigaohms and can be implemented in CMOS as well. However, both of these methods only work well for resistance sensing. If additional capacitance is associated with the resistance, as encountered in the conductive polymer based DNA sensor, an impedance sensing is required as presented in [8] . The relaxation oscillator method used in [8] is able to measure both the resistance and capacitance of an unknown impedance, which is represented by a series model. Since it is only able to measure the resistance and capacitance of an unknown impedance represented by a series model, this method is not suitable for measurement of the conductive-polymer-based DNA sensor, which is formed by a resistor in parallel with a capacitor. Our objective is to measure both the resistance and capacitance of the conductivepolymer-based DNA sensor, which is represented by a parallel RC model. The circuit approach to characterise the sensor is shown in Fig. 1 . The sensor in Fig. 1 is measured twice consecutively to determine the capacitance and resistance of the sensor. The four switches S 1 , S 2 , S 3 and S 4 in Fig. 1 have the function of placing the sensor in series or in shunt configuration with the gate of the transistor. The step response of the equivalent circuit at node V G can be represented by
To observe the rising term of (1), two criteria have to be met. First, the gate resistance must be very large when compared to the sensor resistance, meaning R G ) R S . Secondly, the capacitive divider of the exponential decaying term must be small, meaning C G ) C S . Ideally, both these conditions can be met by analysing the structure and the gate response (1) can be simplified to
Here, if the gate capacitance can be fixed at a constant value, the sensor resistance will have a linear relationship with the time constant. Moreover, the time constant of a gigaohm sensor and a typical picofarad gate capacitance is in the range of milliseconds to seconds, which is a reasonable time to wait for a single measurement phase. However in practical measurements, the conductive-polymer-based DNA sensor capacitance varies (in the range of picofarads to nanofarads) for different DNA concentrations. A straightforward solution to this problem is to shunt a big capacitor to the gate of the comparator to cancel out the effect of the conductive-polymer-based DNA sensor capacitance, but this would greatly increase the time constant. Hence, the measurement takes too long to be completed. To overcome the previously stated problem, the conductive-polymer-based DNA sensor is measured twice from shunt to series configurations. In Fig. 1 , four switches S 1 , S 2 , S 3 , S 4 and a standard resistor are also introduced for these measurements.
Fig. 1 Circuit for time constant measurement
In the shunt configuration, S 1 and S 2 are switched on while S 3 and S 4 are switched off. A standard resistor is coupled to V IN and S 1 for calibration purposes. The step response at the gate of the comparator in this configuration is simplified to (3) where the time constant is dominated by the conductive-polymer-based capacitance and the standard resistance. Since we know the value of the standard resistor, we can calculate the conductive-polymer-based nanogap capacitance by measuring the time constant:
In the series configuration, S 1 and S 2 are switched off while S 3 and S 4 are switched on initially. Then, a step input is applied, charging up the sensor capacitor and discharging the gate at the same time. A short period is required to fully charge up the sensor capacitance and after that, S 4 will be turned off to allow the charge to be transferred to the gate. This method allows the step response to surface at the gate of the comparator by eliminating the capacitive dividing term in (1). The step response at the gate of the comparator in this configuration is simplified to (4) where the time constant is dominated by the conductivepolymer-based DNA sensor resistance and capacitance:
Therefore, the conductive polymer based DNA sensor resistance can be calculated by knowing the capacitance value obtained earlier in the shunt configuration (3) and measuring the time constant in the series configuration (4). The sensor resistance can be directly estimated from (5) . It can be seen that redundancy in (3), (4) and (5) can be used to verify the measured results as well:
Results and discussion: The readout circuit was designed and implemented in 0.18 mm CMOS. Single-supply voltage of 1.8 V is used. Hence, a V STEP of 0-1.8 V was applied to get the step response.
The active area for a single unit of readout circuit is less than 50 Â 50 mm, which is suitable for array implementation. The sensor was prepared on SiO 2 /Si substrate using a lift-off process [4] . At the same time, the DNA labelling and testing were also carried out in house [5] . Sensor measurements were carried out using two time constant measurement phases. In this experiment, we define the trip time as the value for V G in Fig. 1 to reach one time constant. After measuring the time constant for two phases, the average resistance and capacitance for different DNA concentrations are estimated from (3), (4) and (5). The results in Table 1 show that the resistance is inversely proportional to the DNA concentration while the capacitance is directly proportional to the DNA concentration. It is shown that the measurement technique using this interface circuit achieves a wide measurement range with ultra-low current consumption. The interface circuit consumes approximately 40 mA. The measured resistances are in the range 1-23 GV, while the capacitance is in the range 0.1-3 nF. Although 0.1 pM DNA was measured in this work, a few tens of femtomolar DNA is expected to be measurable. There could be a few error sources in this measurement setup, such as inaccurate trip point due to the comparator offset and inaccurate time constant due to turn off leakage in switches that are implemented in CMOS. However, these inaccuracies are reduced with averaging the measured results from the sensor array, which consists of a multiple number of sensors. The maximum deviations of the measured results from the average values were found to be less than 10%. Thus quantitative analysis of DNA is also possible although qualitative analysis is the main focus here. In a nutshell, the measured results show that this measurement technique and the interface circuit are validated. Conclusions: An electrical biosensor together with its readout circuit is presented. The ultra-low power and large dynamic range RC-to-time constant interface circuit is used to measure the conductive-polymerbased sensor capacitance and resistance. The proposed circuit acts as a resistance and capacitance to time constant converter. Since the interface circuit requires only four switches, a standard resistor and a comparator to realise, it is suitable for sensor array implementation. The main error sources due to the components are considered but it is shown that they can be neglected because the percentage of capacitance and resistance changes for a step change of DNA concentration is large. 
